Multi-modality imaging leverages the competitive advantage of different imaging systems to improve the overall resolution and quantitative accuracy. Our new technique, Photo-Magnetic Imaging (PMI) is one of these true multi-modality imaging approaches, which can provide quantitative optical absorption map at MRI spatial resolution. PMI uses laser light to illuminate tissue and elevate its temperature while utilizing MR thermometry to measure the laser-induced temperature variation with high spatial resolution. The high-resolution temperature maps are later converted to tissue absorption maps by a finite element based inverse solver that is based on modeling of photon migration and heat diffusion in tissue. Previously, we have demonstrated the feasibility of PMI with phantom studies. Recently, we have managed to reduce the laser power under ANSI limit for maximum skin exposure therefore, we have well positioned PMI for in vivo imaging. Currently we are expanding our system by adding multi-wavelength imaging capability. This will allow us not only to resolve spatial distribution of tissue chromophores but also exogenous contrast agents. Although we test PMIs feasibility with animal studies, our future goal is to use PMI for breast cancer imaging due to its high translational potential.
INTRODUCTION
Comparing to other anatomical imaging modalities such as Magnetic Resonance Imaging (MRI), X-ray CT and ultrasound, diffuse optical imaging can provide functional information about bio tissue. However, it suffers from low resolution and low quantity accuracy. In recent years, many research groups have spent extensive effort to improve the quality of the diffuse optical imaging. One particular approach is using a priori anatomical information acquired by another high-resolution imaging modality like X-ray CT or MRI to guide and constrain the image reconstruction process to increase the accuracy. However, there is an intrinsic problem in diffuse optical imaging: the signals are only detected from the boundary of the medium. Using these 2D measurements, diffuse optical imaging aims to render 3D optical property maps from the whole volume. Unfortunately, high scattering nature of the tissue, makes the inverse problem very challenging and results in poor resolution and low spatial resolution. Multi-modality approach is proven to be an effective way to improve the optical imaging performance [1] [2] [3] [4] . Meanwhile, the combination of optical and ultrasound techniques has led the development of photo-acoustic tomography (PAT), which can also provide the functional information such as hemoglobin concentration and visualize exogenous contrast agents as well as molecular and functional markers with high resolution. PAT takes advantage of the relatively low scattering nature of the acoustic wave to overcome the resolution limit of the diffuse optical tomography but unfortunately, its resolution degrades with depth drastically [5] [6] [7] [8] . Here we propose a new multimodality optical imaging technique termed photo-magnetic imaging (PMI), which replaces optical detectors with the MRI. The novelty of PMI is utilization of MRI to measure the temperature increase induced by the near infrared light, which is correlated with the photon density at a particular region and local optical absorption. MRI can measure the temperature from the whole 3D volume of the probed medium. Each voxel of MR Thermography image will act as a temperature detector at that particular position. Using finite element method (FEM) to model the photon propagation and heat generation/diffusion in tissue, we can solve the PMI inverse problem: rendering the tissue optical absorption map with high resolution and high Temperature change (C) 3 accuracy from the MRI high resolution temperature map. The PMI solves the intrinsic problem of conventional diffuse optical imaging by increasing the dimension of optical measurements from 2D to 3D.
METHODS
There are many MR thermometry techniques available [9] [10] [11] [12] [13] . Proton resonant frequency (PRF), the diffusion coefficient, T1 and T2 relaxation time, magnetization transfer, proton density are the parameters changing with the temperature of the medium. Using different MRI sequence, one can measure the change of these parameter which correspond to the difference of the temperature. Considering sensitivity, linearity , the ability to make absolute or relative measurements, acquisition time, tissue type specificity and sensitivity to artifacts and our measured target, proton resonance frequency shift method is one of the best options.
Proton resonance frequency changes with the tissue temperature which results in different MRI phase signal with same MRI echo time. We can use normal MRI gradient echo sequence to acquire the phase map of the medium to calculate the temperature difference of the medium. This method has been widely used and has the advantage of fast speed, high spatial resolution and high temperature sensitivity [14, 15] . ]. Figure 1 . shows a linear relationship between the MRI gradient echo sequence phase signal and temperature. A 100 cm diameter Agar phantom has been cooled down in the refrigerator and then positioned in the center of the MRI scanner. The agar phantom warmed up approximately 3 degrees over a period of 30 minutes due to the MRI scanner room temperature. We acquired MRI measurement during this period with a MR compatible fiber optic temperature probe to record the phantom temperature at the same time. The figure shows that the accuracy of MRI was nearly +/-0.05C°. Figure 1 . Medium temperature will change the procession speed of the hydrogen atom. The procession speed of the hydrogen atom is linear proportion to the temperature. As a result, the phase difference caused by the hydrogen atom procession speed difference will also be linear proportion to the medium temperature change after certain sampling time as shown in the figure. (MRI echo time, T E .)
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The hydrogen procession speed is linear proportion to the medium temperature. The speed difference of the medium with different temperature will result in a phase difference which will also have a linear relationship with the temperature difference as described by Equation 1. Here, γ is gyromagnetic frequency of hydrogen atom (42.5Mhz). Alpha is proton resonance frequency shift constant. B0 is the magnetic field. In our center, we are using 3Tesla Philips Achieva system. TE is the echo time of the MRI gradient echo sequence.
For PMI data analysis, we use the diffusion approximation to model the photon propagation and bio-heat equation to model heat transfer in the tissue. PMI is the first-of-its-kind MR and optical imaging combination, in which both work in harmonic together. We use finite element method (FEM) to solve both equations in a coupled manner [16] [17] [18] . Equation 2 is the steady-state representation of the optical diffusion equation [19] . (r) is the optical light fluence rate (W.mm ), s(r) is the optical light source (W.mm −3 ), D(r) is the photon diffusion coefficient, µa is the photon absorption coefficient of the medium. Equation 3 is the bio-heat equation [20, 21] , ρ, c, and k denotes density, specific heat, and thermal conductivity of tissue; c b is the specific heat of blood and w b is blood perfusion rate. Q R is the imposed spatial heating induced by near infrared laser. Q M is the metabolic heat generation. T a is the supplying arterial blood temperature and T is the tissue temperature. Please note that in our phantom studies, we neglect the metabolic heat generation and heat sink term due to local blood supply.
( , ) . . shows the PMI set-up. Four ten meters long optical fibers are used to transfer light from MRI control room. The fibers are coupled into a specially designed MRI coil, which can illuminate the medium from four sides as shown in the figure. The laser light is collimated with aspherecial lenses (Newport, CA) to illuminate the medium . The PMI interface coil is positioned at the center of the MRI bore during scanning. Figure 3. shows the timing diagram of PMI.
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We have measured the phase difference between the heating and baseline MRI maps to determine the phase change corresponding to the laser-induced temperature change. Using Equation 1, we can convert the phase difference map into a relative temperature map of the subject. The temperature map can be further used to obtain the optical absorption distribution using FEM inverse solver and Equations 2&3. The number of heating phase scans depends on the study purpose. For example, if the PMI is used for dynamic imaging (e.g. measuring pharmacokinetics of an optical contrast agent) multiple MRI measurements are performed during the heating phase. Figure 4 . shows the PMI coil during baseline phase (laser is off) and heating phase (laser is on) scans. PMI coil is connected to a four-channel MRI compatible amplifier box to increase the signal prior to the MRI scanner receiver unit. Figure 4 .b is captured using a SONY night vision camera to depict near infrared laser light emitted from four laser probes. The laser wavelength is 808nm and selected for optimum penetration in tissue. MRI field of view is 60 mm x 60 mm. TR time is 50 ms. TE time is set to 8 ms,12 ms and 16 ms. Scanning time for each MRI slice is 5 to 20 seconds depending on the selected image resolution. First we obtain the baseline MRI phase map of the object before we turn on the laser (Baseline Phase). Then we turn on the laser and measure the phase change in the MRI signal (Heating Phase). In the final step, we turn off the laser to obtain the phase signal during cooling (Cooling Phase). 
RESULTS
A circular agar phantom embedded with a high absorption inclusion is used to demonstrate the high resolution and quantity accuracy of PMI system. Here we use a gradient index lens in front of the optical fiber to collimate the laser beam. The agar phantom is mixed with optical dye. The absorption coefficient of the phantom is set to 0.01mm -1
. The absorption coefficient of the embedded inclusion is four times higher than the background, 0.04 mm -1
. The phantom design, the true absorption map of the phantom, is given in Figure 5 .a. Using FEM based forward model that we have developed in our lab, we simulate the photon distribution after we turn on the laser. The photon distribution has been shown in Figure 5 .c in log scale. As we expected, the embedded high absorption inclusion area absorbs more photons and decreases the photon density around the inclusion. The energy deposited to the phantom by the optical photons increases the temperature of the phantom. The high absorption inclusion absorbs more photons, therefore the temperature increase in that area is higher than the background. Figure 5 .d and Figure 5 .e show that the temperature distribution obtained by MR thermometry at two different time points of the heating phase scan.
We also use the FEM based forward model to simulate the bio-heat equation and obtain a simulated temperature map of the phantom to compare with the real MRI measurement. Figure 6 .a shows the temperature map generated by the FEM based forward model. Figure 6 .b is the temperature map of the phantom measured by the PMI system. The profile across the center of the phantom and the embedded inclusion for both temperature maps match to each other and confirms our modelling. 
CONCLUSION
Photo-Magnetic Imaging (PMI) can provide quantitative optical absorption maps at MRI spatial resolution. It uses laser light to illuminate the tissue and elevate the temperature while utilize MR thermometry to measure the laser induced temperature variation with high spatial resolution. The high resolution temperature maps are later converted to tissue absorption maps by a finite element based inverse solver that utilize modeling of photon migration and heat diffusion in tissue. We have also shown that the accuracy of the PMI modeling through comparison of forward simulation and MR thermometry measurements. We believe that with the ability to perform whole body imaging of small animals in vivo, PMI will be a very powerful tool to help the development of optical molecular probes. Furthermore, it can also enhance the role of the MRI from diagnosis to the therapy planning and monitoring of cancer by providing additional complementary functional information.
